Introduction
In osteoarthritis (OA), a degenerative disease of synovial joints, there are both mechanical and inflammation-induced processes that result in changes to joint tissues [1] [2] [3] . Of these, the most commonly reported is degeneration of hyaline cartilage, whilst there are also pathological changes to the subchondral bone and synovium [4, 5] . Cartilage is avascular and therefore has a limited capacity for self-repair, so structural damage to its surface is largely irreversible. It has three main non-water components: chondrocytes, a network of collagen type II (Col II), and proteoglycans. These proteoglycans bind water, which, in turn, makes up between 70-80% of cartilage by weight [6, 7] . The distribution and alignment of these three constituents results in a graduated tissue structure which brings about distinct mechanical properties [8] .
Mechanically, cartilage provides both a low-friction surface for articulation of the joint and acts to transmit compressive loading forces to the underlying subchondral bone. Similar to many other tissues in the body, it exhibits time-dependent viscous and elastic behaviour in both compression and tension [9] . The superficial region consists of Col II fibres oriented parallel to the articulating surface giving local tensile strength. This collagen network becomes more disordered in the middle region and in the deep zone and through the tidemark, fibres are aligned perpendicular to the articulating surface. In OA, the Col II network deteriorates, starting from the articulating surface in early OA and progressing through the tissue with increasing OA severity, as measured by Hollander et al., using Mankin grading [10] . Aggrecan, the most common proteoglycan, is found primarily in the middle and deep zones. It is the second most abundant protein in cartilage following Col II and it sits along a hyaluronic acid backbone. Individual aggrecan molecules have sulphated glycosaminoglycan (sGAG) chains (keratan and chondroitin sulphate) coming from the aggrecan core protein that form a bottle-brush structure. These sGAG chains have a negative charge resulting in a high binding affinity to water.
The binding of water to proteoglycans is partly responsible for the compressive mechanical properties of cartilage. The carboxyl and sulphate groups of chondroitin sulphate and sulphate group of keratan sulphate provide fixed charge density (FCD) to the tissue, which, in combination with repulsion between neighbouring negatively charged chains results in a high osmotic pressure [11] . In healthy cartilage this pressure is compensated by the Col II network which restricts over-swelling and allows the tissue to resist compressive forces [11] . In OA an increase in matrix metalloproteins (MMPs) and aggrecanases, particularly members of the ADAMTS (A Disintegrin and Metalloproteinase with Thrombospondin motifs) family, have been identified as primary factors in the catabolism of articular cartilage matrix proteins including aggrecan and Col II [2, 10] . Changes in these matrix components have been shown to affect the mechanical properties of human cartilage [12] and the dynamic mechanical properties of canine tissue with destabilisation-induced OA [13] .
The viscoelastic properties of a material can be quantified by numerous methods including creep, stress relaxation and dynamic mechanical analysis (DMA). Unlike creep and stress relaxation which usually have long time constants, DMA is a dynamic testing method. By applying an oscillating force to a specimen and analysis of the out-of-phase displacement response, the frequencydependent storage and loss moduli can be calculated. The storage modulus (E 0 ) describes a material's ability to store energy for elastic recoil while the loss modulus (E 00 ) characterises the material's ability to dissipate energy [14] . Studies have examined articular cartilage at low strain rates [15, 16] and others have used DMA to assess frequency-dependency of the viscoelastic properties of cartilage in bovine and human specimens [17] . However, the effects of OA on the viscoelastic properties of human cartilage have so far only been examined using indentation methods and these looked at femoral head cartilage, where the direction and magnitude of loading is harder to define [18] . Changes to both the mechanical and physicochemical properties of cartilage are of interest in osteoarthritis, and physical techniques for tissue analysis are becoming more commonly utilised. As such, quantitative mapping of chemical elements present in tissues is now possible using micro X-ray fluorescence. This gives good spatial resolution of elements and has been used in a number of tissues including cartilage [19] [20] [21] . Other quantitative techniques that are traditionally used in materials science but not biological analysis such as thermogravimetric analysis are also being transferred to understand the chemical structure of tissues and biomaterials. Cartilage is interesting thermogravimetrically due to its high water content, and such, the changes in hydration in different disease states and from different anatomical locations are interesting when considering the importance of water on the inherent mechanical properties of cartilage [22] . In OA, there is an observed change in the joint surface as cartilage becomes fibrillated. Interferometry is a commonly used technique in the analysis of surfaces but as yet its use in characterising biological surfaces is infrequent. These techniques can all be used to enhance knowledge and understanding of biological tissues.
Varus knee alignment as measured by the femorotibial angle has been shown to be a key factor for development and progression of OA [23] . In this position, the medial aspect of the knee joint experiences more damaging mechanical loading, as seen by a larger reduction in cartilage thickness [24] . However, the local inflammatory environment affects both aspects of the joint equally as the synovial fluid fills the joint space. In this study we have used human cartilage from the lateral aspect of the femoral condyles ( Fig. 1) of OA subjects. This tissue is exposed to the same chemical environment but is macroscopically undamaged. As yet, no one has studied the links between the early mechanical and chemical changes to human OA cartilage. Therefore, the aim of this study was to determine the dynamic mechanical properties at a range of physiological frequencies and undertake a detailed chemical analysis to understand the differences observed in early, less structurally degraded, OA and healthy cartilage from the same anatomical region. 
Methods

Materials
All materials listed below were supplied by Sigma Aldrich, Gillingham, UK unless otherwise stated.
Tissue source and preparation
OA tissue was donated by consenting patients following elective total knee replacement and was approved by the United Kingdom National Research Ethics Service (Nottingham Research Ethics Committee 1 (05/Q2403/24)). Ethical approval was also obtained (Derby Research Ethics Committee 1 (11/H0405/2)) to collect non-OA knee cartilage from post mortem donors (mean AE SEM age: 74 AE 5 years) (Kings Mill Hospital, Sutton in Ashfield, UK) with no history of joint pain or evidence of cartilage fibrillation based on chondropathy assessment. Consent was obtained from all patients or their families.
Medial patellofemoral OA was diagnosed radiographically, by a narrowing of the joint space; healthy tissue was donated post mortem by patients with no history of joint disease and with no gross evidence of OA. 22 healthy cartilage explants were taken from 6 subjects and 37 OA explants were taken from 14 subjects; further details are shown in Table 1 .
Full thickness cartilage was excised from the underlying subchondral bone of the lateral femoral condyle using a scalpel, as indicated by the dashed region in Fig. 1 . This region has been shown to be less mechanically loaded in OA than the medial side [25] . Cylindrical cartilage explants of 5.2 mm diameter were then produced using a cork borer. Each specimen underwent one freeze-thaw cycle; freezing and thawing has been shown to not alter the dynamic properties of cartilage [26] .
Dynamic mechanical analysis (DMA)
The viscoelastic properties of healthy and OA specimens were quantified using a Bose ElectroForce 3200 testing machine and the accompanying Bose WinTest 4.1 DMA software (TA Instruments, New Castle, DE, USA). Prior to testing, cartilage specimens were fully hydrated in Ringer's solution for 30 min before being removed from the solution for testing. Cartilage specimens were placed on an aluminium base plate and were loaded using a 20 mm cylindrical compression platen that made contact with the articulating surface. Similar to previous cartilage studies, a sinusoidal compressive force of 16 to 36 N was applied to each specimen [27] [28] [29] [30] . As the cartilage specimens were 5.2 mm in diameter, the peak load of 36 N induced a peak stress of 1.7 MPa which is similar to the estimated physiological peak stress during walking [31] . The mean applied stress was 1.22 MPa and the amplitude of applied stress was 0.95 MPa; the applied strain was 1.8-4.8% depending on specimen thickness. Before applying a frequency sweep, each specimen was preloaded to 3 N (to avoid initial slipping) and subjected to two preconditioning cycles. 1500 and 3000 cycles at 25 and 50 Hz respectively were applied, with 60 s between them, to achieve a dynamic 'steady-state' which has been stated to occur after around 1200 to 4500 preconditioning cycles for ex vivo cartilage [27, 32, 33] [27] . The total testing time for each specimen was limited to 6 min and 35 s to reduce dehydration of the samples. For each frequency, the WinTest DMA software performed Fourier analyses of the sinusoidal force and displacement waves. From this analysis, the magnitudes of the load (F * ) and displacement (d * ), the phase lag (d) and the frequency were quantified [32, 34] . The viscoelastic properties, complex stiffness (k * ), storage stiffness (k 0 ) and loss stiffness (k 00 )
were then calculated using:
The storage (E 0 ) and loss (E 00 ) moduli were then calculated, using a shape factor (SF)
For Eq. (4), d) is the specimen diameter (5.2 mm) and (t) is the specimen thickness which was measured as below.
Cartilage thickness
The thickness of each cartilage specimen was measured using a needle thickness test following DMA. Briefly, a sharp needle was attached to the machine's displacement transducer (1 lm resolution) and the needle was pushed through the full thickness of the cartilage specimen. Further details of this technique are described elsewhere [35] .
Thermogravimetric analysis
The mass change relating to water loss in healthy and OA cartilage samples was measured using thermogravimetric analysis (TGA) in air. Cartilage explants were heated from 25-250°C at a rate of 1 K.min À1 and gas flow rate of 30 ml.min À1 using a TG209 F1 (Netzsch, Germany) in aluminium oxide crucibles with lids (Netzsch, Germany). A background correction of the crucible environment was performed prior to testing cartilage samples. The mass was measured continually during heating and the change in mass plotted; the rate of mass change was calculated by the accompanying Netzsh TA4 software (Netzsch, Germany).
Micro-X-ray fluorescence (lXRF)
Elemental maps of cartilage sections were generated using a M4
Tornado lXRF system and accompanying M4 software (Bruker Nano Gmbh, Berlin, Germany). 30 lm cartilage sections were mapped with a pixel size of 20 lm and scanning at 100 ms/px under vacuum of 200 mbar. The distribution of sulphur was imaged and quantified in different regions of OA and healthy Table 1 Age and genders of the 20 patients whose cartilage was studied, n (explants) corresponds to specimens used for DMA. cartilage without and with mechanical testing protocols applied to it. Absolute quantification was used to compare sulphur content between samples; relative quantification was used to visualise calcium, phosphorus and sulphur content (M4 software).
Tissue sectioning and histology
Sections were snap-frozen in liquid nitrogen and embedded in TissueTek OCT (optimal cutting temperature) compound (Sakura, Finetek, Torrance, CA, USA) for sectioning using an OFT5000 cryostat (Bright Instruments Ltd, Luton, UK). 10 lm sections were fixed to slides and kept at À20°C until staining. OCT was washed twice with dH 2 O before an alcian blue working solution of (in 3% acetic acid) was added for 10 min. Following staining, sections were dehydrated using 50, 70, 90, 95 and 100% ethanol before clearing with xylene and mounting with DPX (distyrene, plasticiser and xylene) resin (Honeywell-Fluka, NJ, US).
Interferometry
A MicroXAM Interferometer (KLA Tencor, UK) was used to map and quantify surface roughness of healthy and OA cartilage explants both untested and after DMA testing. For each 5.2 mm diameter cartilage explant, 9 216 x 198 nm regions were imaged, stitched and areal surface roughness (Sa) was calculated using Scanning Probe Image Processor software (Image Metrology, Denmark).
Data analysis and statistical methods
Statistical analysis was performed using Prism 7 (GraphPad, CA, USA). Two-way ANOVA with Tukey's post hoc testing for multiple comparisons was used for mechanical data. Student's t-tests were used to compare differences between healthy and OA tissues, and also between samples tested and untested by DMA. Results where p < 0.05 were considered significant. Logarithmic frequency dependent behaviour was described by Eqs. (7) and (8) , where (f) refers to frequency.
3. Results
Viscoelastic properties of healthy and OA specimens
The frequency dependence of the storage (E 0 ) and loss (E 00 ) moduli are shown in Figs. 2A and 2B for healthy and OA cartilage respectively. The storage modulus of both healthy and OA cartilage was logarithmically frequency dependent and the behaviour plateaued from around 50 Hz (Fig. 2A) . Results of two-way ANOVA/ Tukey showed that in both the loss and storage modulus, there were significant effects of frequency (p < 0.001), the effects of disease in relation to frequency were significant in the storage modulus (p < 0.001) but not in the loss modulus (p = 0.002). Students t-tests of the mean moduli values showed that the storage modulus of healthy cartilage was significantly higher (p < 0.05) than that of OA cartilage at all frequencies with the exception of 88 Hz (p = 0.058), as shown in Appendix Table A.4. The loss moduli were also logarithmically frequency dependent and plateaued around 50 Hz. Table 2 shows the values which satisfy Eqs. (7) and (8) for both E 0 and E 00 ; the viscoelastic behaviour was found to be linearly logarithmic. The area inside the hysteresis loops (Fig. 3) was greater for OA specimens than healthy, at both low and high frequencies, indicating that the healthy specimens had a more elastic response. The mean level of displacement was fairly stable throughout testing (Appendix Fig. A.8B ).
Thermogravimetric analysis of OA and healthy cartilage
The binding of water by the proteoglycan network provides a large contribution to the compressive properties of articular cartilage, so to elucidate the changes seen in Fig. 2 , the amount of water in these samples was accurately measured. TGA was used to quantify the amount of bound water in untested and post-DMA cartilage explants from both healthy and OA subjects. Fig. 4A shows the change in % mass of OA and healthy cartilage between 25-250°C. Between these temperatures, the loss of water was seen up to around 90°C and a further transition started at around 210°C
. The linear region of water loss as shown in Table 3 resulted in a larger change in mass between the healthy and OA specimens (Fig. 4B) . The OA samples showed a significantly larger change in mass by 100°C (p < 0.05) and a faster peak rate of mass change, as seen by the DTG curve (dashed line). The further change in mass to 250°C was very similar between the healthy and OA samples, À23.76 and À23.08% respectively.
Mapping and quantification of sulphur in cartilage sections
lXRF was used to quantify the changes in aggrecan distribution in OA and healthy tissue by measuring the levels of sulphur across cartilage sections. Fig. 5 shows that in untested samples, healthy cartilage had a consistent gradient across the tissue where sulphur was most abundant in the deep zone and less so in the superficial region. OA cartilage, however, had a less regular gradient towards the surface and visually the superficial region showed minor damage to the surface even in untested samples. Following DMA, the surface of healthy cartilage was slightly deformed along the normal direction of collagen fibril alignment in this region. However, the surface was not macroscopically ruptured as seen in the OA samples. The OA cartilage had severe damage to the articulating surface post-DMA, while the middle and deep regions retained their structure. Fig. 5B shows the relative quantification of sulphur distribution across the sections. Healthy and OA sections had similar sulphur levels in the deep and middle zones, but the OA samples had lower levels in the superficial zone. Quantification of the post-DMA samples shows that in both OA and healthy samples, mechanical testing reduced the sulphur content, which is likely due to changes in aggrecan proteoglycan organisation. However, this change was more marked in the superficial region of OA samples compared to healthy. Quantification of the OA samples post-DMA was limited at the articulating surface due to the mechanicallyinduced damage. In Fig. 5C , co-localisation of calcium and phosphorus was evidence of mineral deposits in the cartilage. These were observed in the OA but not healthy cartilage samples.
Histological staining
Whilst lXRF was useful for quantifying the changes in element distribution, the resolution was limited. Therefore, in order to better visualise both the proteoglycan distribution and physical changes to the superficial region, alcian blue staining of 10 lm cartilage sections was performed. In healthy cartilage (Fig. 6A-C) , there was a gradient of proteoglycan, with the heaviest staining in the deep region and getting progressively lighter towards the superficial region. Following DMA of healthy cartilage, there was no visible difference in the surface structure (Fig. 6C ) from the untested sample (Fig. 6A ) In OA cartilage, the distribution of proteoglycan was less ordered and there was evidence of cell clusters. Further, although there was a gradient, there were also regions of darker staining throughout the middle region (Fig. 6D) . Compared to the healthy tissue, the staining was less even. There were large cracks visible in the surface with fragments of tissue detaching from the section (Fig. 6E, F) .
Articulating surface damage
Following DMA, the surface region of OA cartilage samples was visibly damaged, and it was also seen in histological sections (Fig. 6) . To quantify the damage, interferometry was used to measure surface roughness. Fig. 7A shows that there was no difference between healthy specimens that have and have not undergone a dynamic testing protocol. In the OA samples (Fig. 7B) , the surface roughness prior to testing was significantly higher than that of the healthy samples (p < 0.05) indicating an initial degree of mechanical damage that was not macroscopically visible. Following DMA, the surface roughness of OA specimens was significantly higher than subject-matched samples that have not undergone DMA (p < 0.05). Table 2 Storage and loss modulus coefficients as Eqs. (7) and (8) 
Discussion
This study aimed to understand the differences in frequencydependent viscoelastic properties of isolated healthy and OA human articular cartilage and compare these to the physicochemical changes seen. Tissue was excised from the lateral aspect of the OA joint, which is known to be less exposed to mechanical stresses than the medial aspect, and thus was used to represent cartilage which was not excessively mechanically loaded but was exposed to the same chemical environment.
The first component of this study determined the viscoelastic properties of healthy and OA human cartilage. The logarithmic frequency-dependent behaviour in both the storage and loss modulus was similar to findings in human and bovine cartilage [17, 29, 30] . The significant reduction in storage modulus across a range of frequencies in OA specimens is likely to be indicative of disruption to the matrix structure as a result of OA cytokines, MMPs and altered joint loading. The solid matrix components of cartilage, Coll II and the aggrecan-rich proteoglycan network, are primarily responsible for the compressive stiffness of cartilage and was shown to be reduced in OA. This difference was statistically significant at all but the highest frequency, 88 Hz (P = 0.0581), which has previously been implicated as a frequency brought about during a rapid heel strike rise time that may predispose subjects to OA [27, 36] . The storage and loss moduli of healthy femoral condyle cartilage were similar to that of 'healthy' human femoral head cartilage (obtained from subjects who had experienced a traumatic fracture of the femoral neck) and follow the same logarithmic trends [29] . The viscoelastic response in cartilage is caused by a combination of fluid flux and polymer chain sliding. The linear log trends seen in both moduli suggest that the compressive viscoelastic response may be dominated by the solid matrix components involved in polymer chain sliding.
Cartilage is comprised of more than 70% water, and the binding of water to proteoglycans provides high osmotic pressure, which is a key factor in the compressive properties of the tissue [11] . Therefore, the amount of water in each sample was measured by measuring the change in mass as a function of temperature. The higher water content of OA cartilage compared to healthy was shown thermogravimetrically by Sohar et al. [22] . However, their study showed the end of the water TG step at higher temperatures than seen in this study (102.25°C and 104.60°C compared to 78.50°C and 79.99°C for healthy and OA tissue respectively), which is likely due to the faster rate of heating used in their study (5 K.min À1 ). The increased water content in OA samples is a result of an increased ability for the tissue to swell. This change in swelling capacity is due to breakdown of the Col II network associated with matrix catabolism in OA as measured by Bank et al. They found that an increased swelling percentage correlated with an increased percentage of degraded collagen in human samples from OA femoral head cartilage [37] . This reduces the elastic restraint on the tissue, meaning more extrafibrillar water can be held [22, 38] . Cartilage swelling as a result of changes to the matrix composition has been shown previously using delayed gadolinium enhanced magnetic resonance imaging (dGEMRI), where a correlation between increased cartilage thickness and decreased GAG content was shown in the medial compartment of the knee [39] . The increased water content observed in OA samples may contribute to the similarities in loss modulus seen between healthy and OA tissue. The peak rate of mass change in the water TG step was higher in the OA samples and the peak was shifted to a higher temperature. The faster peak mass change was likely due to the increased water content, whilst the shifted peak suggests a higher binding strength of water to the PG network. The gradient distribution of matrix components Col II and aggrecan are known to be critical to the proper mechanical functioning of cartilage. As water and its binding to PG is so important in the loadbearing capacity of cartilage, the distribution of the PG network was mapped. Benchtop lXRF was used to elementally map cartilage sections and was a simple and effective way to quantify the differences in sulphur content, corresponding to sGAG and aggrecan content in tissue samples. It is well known that the GAG content at the superficial region is lower than that of the middle and deep zones [40] . Here, however, seen by less bright pixels and quantified by line gradients from the deep to superficial zones, we saw a further reduction in the superficial region in OA cartilage. The reason for this may be proximity and contact with the synovial fluid, which, in the inflamed state of OA has a higher concentration of catabolic MMPs and cytokines [1] . Further, the identification of mineral-like deposits near the cartilage surface of OA cartilage suggested that mineralisation in OA may occur prior to visible mechanical damage to the superficial region. Tissue mineralisation of cartilage and meniscus are common in end-stage OA, usually seen as deposits of hydroxyapatite (HAp) and calcium pyrophosphate dihydrate (CPPD) crystals [41] .
These mineral deposits were seen primarily in the upper middle and superficial regions of the cartilage sections; they may have a role in the observed surface damage following DMA. Relatively large (they can be seen radiographically), hard particles in a soft tissue could act as stress concentrations for cracks in cartilage to form, similar to the cracks that form following a traumatic insult to the cartilage surface [42] . Measuring the changes in surface roughness was achieved using interferometry, a technique commonly used in electronics for profiling surfaces. It enabled the quantification of the surface damage by analysing the peaks and valleys using light reflectance to quantify surface roughness. The significant increase in surface roughness following DMA in the OA subjects indicated that the superficial region was more susceptible to damage as has been shown previously in bovine tissue [43, 44] . Further, the difference in Sa between healthy and OA samples observed was similar to the profile surface roughness (Ra) seen by Graindorge et al. between healthy (Ra = 1.06) and emery-roughened (Ra = 23.2) samples [45] . Whilst there was evidence of deformation of the superficial region of healthy tissue under lXRF, the superficial region of OA cartilage showed severe rupturing of the cartilage surface. Disruption to the matrix composition was likely responsible for this; as mentioned, there is a change in the collagen network originating at the articulating surface [10, 46, 47] . This reduces the tensile strength of the cartilage surface which reduces its ability to resist deformation.
Age-related changes to the proteoglycan content of the superficial layer of cartilage have been identified previously [11] . This effect is enhanced when the biochemical balance shifts in states such as trauma and OA causing increases in cytokines such as interleukin-1 (IL-1) and tumour necrosis factor alpha (TNFa) which drive matrix catabolism. Guilak et al. discuss the interplay between how physiological joint loading has protective mechanisms for regulating cytokine levels [48] [49] [50] . This balance between protective and damaging joint loading is likely key in the progression of OA. Another factor shown to increase the severity of OA symptoms is obesity; the increased loading on the joints due to higher body mass in combination with elevated production of adiposederived cytokines (adipokines) [51] . These adipokines have been shown to increase production of many pro-inflammatory cytokines. Leptin, a well characterised adipokine, is increased in OA synovial fluid and has been shown to increase MMP-1 and MMP-13 production in human primary chondrocytes and to mediate greater IL-6 secretion from OA synovial fibroblasts [1, 52] . Importantly in this study, while the joint loading of the OA subjects is focused in the medial compartment of the joint, the use of tissue from the lateral compartment demonstrates the important effects of the inflammatory OA environment on cartilage tissue.
Limitations: The use of human tissue samples is limiting in the number available, particularly the numbers of post mortem samples. Firstly, this means that following a power analysis, an effect size of 0.31 should be expected for the presented number of samples and an effect size of 0.48 for the 22 patients that samples were retrieved from. Secondly, due to the limited number of human samples, the testing protocols for DMA were all performed in the same order, so the loading history may affect the viscoelastic measurements. Future studies could investigate whether the loading history affects the viscoelastic response by randomising the order of frequencies during testing. Further, as the cartilage surface is semi-translucent, white light interferometry values are solely relative to surfaces with similar optical properties to cartilage. 
Conclusions
For the first time, we have linked the local changes in chemistry and structure to the dynamic mechanical properties of OA and healthy cartilage, isolated from the same anatomical region in human donors. There is a significant reduction in the storage moduli of cartilage from OA compared to age-matched healthy subjects, indicating that in OA the elastic response of cartilage deteriorates. This reduction in storage modulus was found to be likely due to a disruption to the collagen network as OA tissues showed a higher capacity to swell and bind water. Visible changes to the cartilage surface following DMA were investigated and an increased surface roughness was observed in osteoarthritic but not healthy tissue. Finally, the mechanism for this disruption was investigated using histological staining and lXRF mapping to determine and quantify the proteoglycan distribution in both healthy and OA tissue. 
